biomaterials which are anisotropic and hyperelastic and modelled with a strain energy function, uniaxial tension is 1 insufficient for mechanical characterisation. Evaluation of biaxial strains in hyperelastic membranes can be 2 investigated via in-plane biaxial stretching, axisymmetric inflation or axisymmetric indentation [10] [11] [12] . However 3 planar biaxial testing is generally limited by its inability to test specimens to failure [13] . Applying biaxial tension 4 via an efficient specimen gripping protocol is challenging, typically compounded by the soft, deformable nature of 5 biological specimens. Hooks [14] , sutures [11, 12, 15] , clamps [16] , needles and tines [17] have been previously 6 utilised in biaxial setups, but these point forces along the specimen edges can result in non-uniform stress and strain 7 distributions. To alleviate this, a small central portion of the specimen is generally analysed and cruciform shapes 8 have been utilised [18] , in accordance with St. Venant's principle. Waldman et al. demonstrated that changing from 9 tethering to a clamping method generated substantially different stress strain curves in the same tissue [19] , later 10 attributing this to dramatically different strain regions in the vicinity of the clamps using small angle light scattering 11 (SALS) [20] . It is recommended that the majority of the specimen extracellular reinforcing fibers are effectively 12 contained within the grips in order to minimize testing artefacts [18] and this mode of constraint is implemented 13 with the ASTM standard ball-burst test. Similarly, a circular clamp is used in the classical axisymmetric membrane 14 inflation testing, however a more sophisticated experimental system is required [10] . Measurement of burst strength 15 is recommended in the international standard for vascular implants, Cardiovascular implants -tubular vascular 16 prostheses (ANSI/AAMI/BS/ISO 7198). The ball burst test has been applied to a variety of biological materials, 17 such as abdomen wall [6] , dermis [21] and human acellular dermal matrix dermal ECM (D-ECM) [22] , ventricle 18
[23], cardiac-ECM (C-ECM) [23] , cholecyst (Ch-ECM) [24] , small intestinal submucosa (SIS) [6, 25] , urinary 19 bladder matrix (UBM) [25, 26] , stomach submucosa (SS) [26] , urinary tunica propria and submucosa (UBS) [26] , 20 ovine forestomach matrix (OFM) [27] and silk fibroin [28] , demonstrating the utility of the technique. Unlike micro-21 and nano-indentation, a free-standing rather than a supported membrane is indented to failure with a spherical 22 geometry to minimise stress concentrations [29] . Traditionally force at failure (ball burst force) and elongation at 23 failure have been reported; however the ball burst test specimen geometry deformation is complex, making 24 calculation of membrane stresses non-trivial. 25
The objective of the present study is to advance the capability of the ASTM standard ball burst test, focusing on 26 the characterisation of multilaminated ECM materials. An optimum rehydration protocol was initially established by 27 quantifying water absorption and monitoring the effects of hydration on ECM mechanical properties in real-time 28 the dry ECM materials were then continuously hydrated at 37°C and force readings recorded at 10 Hz until no 1 significant change was noted. 2
Dynamic Mechanical Analysis (DMA) 3
DMA testing was carried out in tension mode on a Tritec TTDMA (Triton Technology, UK), equipped with a 4 10 N load cell with a resolution of ± 0.002 N and an immersion bath accessory. Lyophilised ECM sheets were cut 5 into 12 x 5.6 mm specimens and mounted in a thin film clamp with a gauge length of 10 mm and hydrated for 30 6 seconds. Testing was subsequently carried out at several incremental frequencies with a dynamic strain of 0.2%, 7
immersed at 37°C, until no further material response was recorded. DMA utilises a sinusoidal loading (stress) 8 applied to the specimen and the material response (strain) is measured with a Linear Variable Differential 9
Transformer (LVDT). The real or in-phase storage modulus (E′) represents the amount of elastic stored energy and 10 can be considered equivalent to a stiffness measurement. The imaginary or out-of-phase loss modulus (E′′) 11
represents the viscous behaviour of the material and its ability to recover from deformation. Cycles of increasing 12 frequency were applied to the specimens, ranging from 0.1 to 45 Hz. This frequency range covers typical timescales 13 of periodic scaffold loading in vivo [36] (e.g. peristalsis, skeletal movement, blood flow). The highest frequencies 14 are relevant to the ECM viscoelastic response to fast loading events and to evaluate the durability of the inter-ply 15 bonding. Relevant guidance standards are ASTM D4065 and ISO 6721. Isochronal testing was also performed at 1 16
Hz to identify potential longer-term hydration effects on ECM viscoelastic properties. Specimens were evaluated in 17 triplicate. 18
Ball Burst Testing 19
The ball burst test fixture was designed per current ball burst test standards (ASTM D6797, D3797 and D3787) 20 which specify a ring clamp with a 44.45mm diameter opening. The inner clamp edges were chamfered to remove 21 potential stress concentrations and P240 sandpaper lined both surfaces to prevent slippage. A shaft was press-fitted 22 into the spark-eroded cavity of a polished, hardened steel ball (diameter = 25.4 mm, surface tolerance of ± 0.005 23 mm) and connected to a 1000 N loadcell. A constant extension rate of 25.4 mm/min was provided by the crosshead 24 of a H25KS test frame (Tinius Olsen, Surrey, UK). Force and displacement of the steel ball was recorded and 25 analysed using QMAT software. Test specimens were hydrated for 10 minutes and wrinkle-free membranes were 26 tested immediately. A minimum of four specimens were evaluated per membrane material. The burst force was 1 recorded in Newtons (N) and the displacement in millimetres (mm). 2
Finite Element Modeling 3
Finite element simulation of the spherical indentation of free-standing membranes was performed in the finite 4 element software MSC.MARC 2010 (MSC Software Corporation, CA, USA). A hemispherical ball was modelled as 5 a rigid body with a vertical displacement boundary condition applied mimicking the recorded experimental 6 displacement. The circular membranes were modelled using four node Type75 shell elements. Two rigid surfaces 7 representing the experimental clamps constrained the membrane while the rigid ball indenter deformed the 8 hyperelastic membrane. Zero friction was assumed between the smooth indenter and membrane as the ECM 9 multilaminates were hydrated during testing and based on previous experimental reports [37, 38] . A `glue' contact 10 condition was defined between the two rigid clamps and membrane. The Mooney-Rivlin strain energy density 11 function was employed as the material model. The material coefficients of this material model were identified from 12 the experimental measurements and are identified in Table 1 . Computational stresses in the circumferential and 13 radial directions were then resolved and compared to the analytically derived stresses of the same principal 14 directions. 15
Statistical Analysis 16
A one-way analysis of variance was used to determine any differences between groups with a Tukey's post hoc 17 test used to determine differences between pairs. A P value of less than 0.05 was considered significant. All 18 statistical analysis used PASW Statistics v18 Software (SPSS, IBM, Chicago, IL, USA). Values are presented as 19 mean ± standard deviation. 20
Results 21

Thickness measurements 22
The average dry sample thickness was calculated as 133 ± 0.01 µm for PDMS. Increasing the amount of ECM 23 layers from 2-to 4-layers caused a significant increase in thickness (p < 0.05). UBM thickness increased from 209 24 ± 19µm to 280 ± 12 µm. Similarly, SIS thickness increased from 185 ± 16µm to 205 ± 21µm. Lyophilisation 25 significantly decreases ECM thickness, typically by 30% [2], as water and glycosaminoglycans (GAGs) are 26 removed. The vacuum pressing process also reduces the thickness of the multilaminate ECM. 27
Surface Characteristics 1
The specimens were visually inspected and examined at high magnification using SEM to investigate surface 2 uniformity and quality, see Fig.1 . The PDMS membranes exhibited extremely smooth, uniform surface 3 characteristics. No air bubbles, particulate or pinhole defects were observed in the PDMS membranes at high 4 magnification, which could act as sources of localised weaknesses [34] . In the case of the multilaminate ECMs, 5 voids and cracks could potentially cause premature device failure. Qualitatively, UBM displayed a visibly smoother 6 surface than SIS consistent with an intact basement membrane, undisrupted after the lamination process. The SIS 7 surface topography was similar in roughness and porosity to the connective tissue of the tunica propria forming the 8 abluminal UBM surface. This bimodal architecture is characteristic of UBM -a basement membrane luminal 9 surface functioning as a support and selective barrier and a fibrillar, porous abluminal surface providing structural 10 support and allowing cell penetration and movement. SEM stereopairs were digitally processed to reconstruct the 11 membrane surface topographical features in 3D and quantify surface characteristics. The measured Ra value of the 12 standard was accurate to within 5 nm, representing less than 0.1% difference for sequential profile measurements 13 and demonstrating repeatability. The evaluated membrane roughness parameters are presented in Table 1 
Effects of ECM Rehydration 20
On average the weight of the SIS devices increased by ~200% after 60 minutes immersion at 37 °C, compared 21 to ~130% for the UBM devices (Fig.2) . Generally there was a large variation in water absorbed after 5 minutes, 22 more prominent in the thicker multilaminate materials. Structural damage during processing and material 23 inhomogeneities likely results in hysteresis at short rehydration durations, similar to previous reports [25] . A loss of 24 rehydration ability is likely due to GAG removal and has been previously documented as ~ 60% of the original wet 25 weight [6] . After 60 minutes all ECM materials were characterised by a tighter distribution of water absorption, 26 implying that they had further stabilised. Results from the hydration relaxation experiment are presented in the form 27 of force measurements rather than stress due to the varying levels of compression of the ECM devices (Fig.3a) . 28
Single layer ECM material was observed to rehydrate within the initial 10 -15 seconds, whereas the rehydration rate 1 of the thicker, more compressed ECM multilaminates trended towards 100 -120 seconds (Fig.3a) . Single layer 2 ECM material was observed to rapidly rehydrate within 10 -15 seconds (data not shown). DMA multi-frequency 3 analysis revealed that SIS consistently displayed a significantly stiffer response compared to UBM (Fig.3a) . The 4 ECM bond interfaces remained intact up to ~ 16 Hz, beyond this frequency there was a sharp decrease in E′′ with a 5 corresponding increase in the viscous loss modulus, indicating a loss in structural integrity for both 2 ply UBM and 6 SIS membranes. DMA evaluation at 1 Hz for 30 minutes revealed that both moduli stabilised after the initial 5 7 minutes of immersion with no significant transitions for the test duration (data not shown). 8
Ball Burst Testing 9
Ball Burst failure forces for ECM devices evaluated in the current study are compared to a range of ECM 10 materials and source tissues extracted from literature, illustrated in Fig. 4 . The ball burst force-indentation curves 11 exhibited initial toe regions followed by a more linear region at higher strain, characteristic of hyperelastic materials 12 and soft tissues, see 
Analytical Model of Membrane Deformation 22
Analytical force-deflection model fits were derived from the experimental measurements, based on the 23 theoretical methodology outlined in Appendix A. The analytical force-deflection models accurately described the 24 biaxial behaviour of all materials tested in this study (Fig.5) . The model slightly underestimated PDMS indentation 25 forces at small deflections, but displayed a better fit to the ECM force -deflection data. The material coefficients 26 employed for these analytical force-deflection curves were derived and are tabulated in Table 1 . The magnitude of 27 the material coefficients are similar for all ECM materials tested in this study. The material coefficients for PDMS 1 are significantly smaller than the ECM materials evaluated, as PDMS is a much more compliant hyperelastic 2 material. 3
Comparison of computational and analytical solutions 4
The maximum deflections for both analytical and FE solutions display good correlation, as illustrated in Fig.6 . 5 This is expected in the contact region between the membrane and the spherical indenter; however, for all materials 6 evaluated, the deformation profiles in the non-contact region also display good agreement. Circumferential stress 7 resultants calculated from the FE simulations compared well with the analytically-derived circumferential stress 8 resultants. Circumferential stress resultant -strain curves of the evaluated materials are presented in Fig.7 . The 9 reduced cross-sectional area of the thinner ECM laminates resulted in higher stresses at equivalent strains, compared 10 to the thicker and more compressed 4 ply devices. 11
Discussion 12
When designing an implantable ECM scaffold one must consider initial hydration, biaxial loading conditions in preference towards an angle approximately 15° from the neck to the apex axis, sensitive to processing i.e. scraping 20 across versus parallel to the preferred direction [13] . In the current study, lamination significantly increased ultimate 21 ball burst forces for both UBM and SIS materials. Sub-failure arrests corresponding to failure of individual layers 22 and inter-laminate air voids were occasionally noted between the ECM layers during testing. Structure delamination 23 in vivo, with subsequent fluid retention and seroma formation is a potential failure mode and has been previouslyobserved using Surgisis for hernia repair in a primate model [50] . Interestingly, it has been previously reported that stomach submucosa displayed decreased ball-6 burst forces when increased from 2 to 4-plies [35] . The UTS of multilayered ICL constructs was observed to initially 7 increase from 2 to 4 plies (0.6 MPa to 3.1 MPa) and subsequently decrease to 2 MPa with further lamination to 6 8 plies [57] . Beyond this optimum threshold number of plies, ball-burst force (and UTS) will decrease with increased 9 number of plies. To rationalise this, it is hypothesised that as biological materials possess an inherent distribution of 10 strength, an optimum laminate configuration exists for each ECM. Beyond this optimum threshold number of plies, 11 ball-burst forces (and UTS) will decrease with increased number of plies. Peak inter-laminate shear stresses cause 12 failure of the single weakest ply, with subsequent failure of the multilaminate. methodology to determine the intrinsic mechanical properties of ECM membranes from the ball burst test, but 22 employed uniaxial rather than biaxial tensile testing to determine the constitutive material models. Although the 23 analytical approximation accurately predicted material stretch, significant differences were found between the 24 analytical and FE resolved stress distributions. The maximum tangential modulus is commonly utilised as a measure 25 of stiffness which can be useful in clinical applications, however as these materials are highly non-linear, it is 26 inaccurate to employ the linear modulus as a constitutive material behavior descriptor.
The present study successfully employed an analytical solution to identify intrinsic mechanical properties of 1 tissue engineered membranes and determined the material coefficients of the Mooney-Rivlin strain energy function. 2
Unlike the previously proposed ball burst model [26] which assumes uniform stress distributions across the 3 deformed membrane, non-uniform stress distributions were determined analytically and compared favorably to the 4 numerically resolved stress distributions. This validates the methodology and boundary value problem employed 5 here and demonstrates its suitability to analytically describe the deformation profiles and wall stress resultants in a 6 free-standing circular membrane subject to a spherical indentation. As this approach employed membrane theory, 7 deformed wall thickness is not considered in the equations resolving stress resultants; however wall thickness does 8 affect the analytically resolved forces and subsequent stress resultant calculations. This is apparent in Fig. 7 , where 9 the 2 ply materials display higher stresses at equivalent strains compared to the thicker laminates. The difference 10 between burst forces and stresses may be accounted for by considering the relative thicknesses and densities of the 4 11 ply materials subject to increased compression. Prior to rupture of the 2 ply laminate, both 2 ply and 4 ply require 12 similar forces to deflect to similar indentations. Further analysis is required to determine the degree to which the 13 wall thickness influences the analytical solution employed in this study. 14 A limitation of this study is that hyperelastic materials such as PDMS and biological materials commonly 15 display hysteresis when loaded and ideally should be preconditioned to the same loading regime in which they will 16 be in service in order to obtain repeatable results. A fixed indentation rate and no mechanical preconditioning was 17 employed in this study, as per the governing standard, hence capturing the first time straining of the material until 18 ultimate failure. A previous study demonstrated negligible hysteresis effects during the indentation of rubber 19 membranes [37] , however it is possible that preconditioning could improve the analytical model fit to the PDMS 20 membrane behaviour at small deflections.The proposed methodology may be readily implemented with smaller 21 diameter ball burst geometries and alternative strain energy functions to characterize biomaterial membranes under 22 biaxial loading to failure. However, the main limitation with this test method is that material anisotropy cannot be 23 resolved, hence to fully characterize membrane biomaterials, a combined methodology of planar biaxial tension 24 testing coupled with ball burst test data to failure would be beneficial in identifying material coefficients of a 25 suitable constitutive material model. FE and phenomenological structural models [59] considering ECM fiber 26 population kinematics may then be employed to utilise this combined test approach to generate optimum ECM ply1
Conclusions 2
A variety of xenogeneic and autogenic ECM scaffolds and cell based therapies are increasingly being developed 3 for clinical use. This study represents the first comprehensive evaluation of the effects of hydration on lyophilised 4 multilayered ECM mechanical properties. The biaxial ball-burst coupled with a planar biaxial test offers a promising 5 approach for predicting macroscopic material behavior under complex physiological loading conditions for scaffold 6 biomaterials. The analytically predicted stress resultants and indentations display good correlation with numerical 7 models, for both multilaminate ECMs and a model hyperelastic membrane with high elongation properties. DMA is 8 a powerful characterisation tool suitable for rehydration and storage studies, conditioning scaffolds and dynamic or 9 step-wise fatigue testing. A minimum rehydration period of 5 minutes at 37°C is recommended for the 10 multilaminate ECM materials evaluated. This methodology may also potentially be applied to a range of biologic 11 scaffolds for applications such as source tissue evaluation, optimisation of ECM processing protocols and lot release 12 tests. 13 
